Abstract-Several dual-mode ultrasound array (DMUA) systems are being investigated for potential use in imageguided surgery. In therapeutic mode, DMUAs generate pulsed or continuous-wave (CW) high-intensity focused ultrasound (HIFU) beams capable of generating localized therapeutic effects within the focal volume. In imaging mode, pulse-echo data can be collected from the DMUA elements to obtain B-mode images or other forms of feedback on the state of the target tissue before, during, and after the application of the therapeutic HIFU beam. Therapeutic and technological constraints give rise to special characteristics of therapeutic arrays. Specifically, DMUAs have concave apertures with low f-number values and are typically coarsely sampled using directive elements. These characteristics necessitate pre-and post-beamforming signal processing of echo data to improve the spatial and contrast resolution and maximize the image uniformity within the imaging field of view (IxFOV). We have recently developed and experimentally validated beamforming algorithms for concave large-aperture DMUAs with directive elements. Experimental validation was performed using a 1 MHz, 64-element, concave spherical aperture with 100 mm radius of curvature. The aperture was sampled in the lateral direction using elongated elements 1 ; 33:3 ; with 1:333 ; center-to-center spacing ( is the wavelength). This resulted in f-number values of 0.8 and 2 in the azimuth and elevation directions, respectively. In this paper, we present a new DMUA design approach based on different sampling of the shared concave aperture to improve image quality while maintaining therapeutic performance. A pulse-wave (PW) simulation model using a modified version of the Field II program is used in this study. The model is used in generating pulse-echo data for synthetic-aperture (SA) beamforming for forming images of a variety of targets, e.g., wire arrays and speckle-generating cyst phantoms. To provide validation for the simulation model and illustrate the improvements in image quality, we show SA images of similar targets using pulse-echo data acquired experimentally using our existing 64-element prototype. The PW simulation model is used to investigate the effect of transducer bandwidth as well as finer sampling of the concave DMUA aperture on the image quality. The results show that modest increases in the sampling density and transducer bandwidth result in significant improvement in spatial and contrast resolutions in addition to extending the DMUA IxFOV.
I. Introduction
S everal image-guided high-intensity focused ultrasound (HIFU) systems have been introduced for minimally invasive treatment of cancer and other tissue abnormalities [1] . Currently, diagnostic ultrasound [2] and magnetic resonance imaging (MRI) [3] are the most commonly used image guidance modalities. Diagnostic ultrasound offers several advantages, including portability, ease of integration, low cost, and real-time operation. MRI's major advantages are its high soft-tissue contrast and high spatial resolution, which often result in excellent target visibility and visualization of treated tissue. MRI is also capable of imaging temperature change, which allows for monitoring the progress (and control) of thermal therapy treatments with HIFU [4] . It should be mentioned that diagnostic ultrasound has also been shown to offer a noninvasive means of imaging temperature change in tissues undergoing thermal treatments [5] , [6] , but it currently suffers from limitations when imaging high temperature changes [7] . Other imaging modalities have also been suggested for thermometry, e.g., x-ray computed tomography (CT) [8] and electrical impedance tomography [9] .
Numerous research groups in the area of image-guided HIFU are considering phased arrays for their respective applications [10] - [16] . Piezocomposite technology is especially appealing for therapeutic phased arrays due to low cross coupling and relatively high efficiency [17] . In addition, piezocomposite transducers have larger bandwidth than their piezoceramic counterparts, which allows for the use of therapeutic arrays in pulse-echo mode [18] . These studies highlight the feasibility of real-time dual-mode operation in the therapeutic application of HIFU, where the pulse-echo capability of the dual-mode ultrasound array (DMUA) is used to achieve one or more of the following:
• B-mode imaging of the treatment region before and after lesion formation, where changes in echogenicity could be used as an indicator of lesion formation [18] - [21] .
• Monitoring of and real-time compensation for the target motion using speckle tracking methods [22] .
• Monitoring of temperature-related tissue parameters by application of acoustic radiation force method [7] , [23] .
• Image-based refocusing of the DMUA for optimal power deposition at the target while avoiding collat-eral damage to critical structures in the path of the HIFU beam, e.g., the rib cage when targeting liver tumors [24] , [25] .
Improving the imaging capabilities of DMUAs to levels comparable with diagnostic guidance systems will allow a unique paradigm in image-guided surgery. The inherent registration between the therapeutic and imaging coordinate systems will allow the physician to define the target point(s) where the power deposition is to be maximized directly on B-mode images produced by the DMUA. In addition, critical points where power deposition is to be minimized can be defined on the same image. An optimal solution can be obtained by employing the pseudoinverse multiple-focus synthesis method with additional constraints [26] , [27] . This approach has been validated experimentally in a laboratory setting using a prototype 1-MHz 64-element DMUA [24] , [25] . We have investigated several approaches for improving the image quality of a prototype DMUA that was originally optimized for therapeutic performance. Conventional imaging with this prototype was initially performed in sector scan format [28] and later in Cartesian coordinates [19] . B-mode images were formed using conventional synthetic aperture (SA) beamforming and single-transmit focus (STF) imaging [19] . STF images are formed by using the therapeutic beam (at diagnostic intensity levels and with 1 to 2 cycle duration) as the transmit imaging focus. Dynamic receive focusing is used to form a 2-D image throughout the DMUA imaging field of view (Ix-FOV). In a uniform speckle region, this amounts to imaging the therapeutic beam. This mode is especially advantageous for HIFU-induced lesion visualization as described in [19] . Enhanced visualization of HIFU-induced lesions in STF images was achieved by using harmonic and nonlinear quadratic imaging [29] as well as nonlinear frequency compounding [30] .
The therapeutic efficacy of a DMUA at a target location within the treatment volume is measured by the focusing intensity gain [26] . For a given therapeutic array, the therapeutic operating field (ThxOF) of a DMUA is defined as the volume where the focusing intensity gain of the array exceeds a threshold where HIFU beams can produce therapeutic effects [18] . DMUAs have some characteristic geometric features that are dictated by the need for high-intensity focusing gain in the ThxOF and electricalto-acoustic power conversion efficiency. These characteristics are: 1) nonplanar concave apertures, 2) large directive elements (width > λ), and 3) low f -number (≈ 1 or lower). Therefore, conventional delay-and-sum beamforming with such arrays results in nonuniform IxFOV in a region centered around the geometric focus. This nonuniform IxFOV is closely related to the intensity focusing gain profile, which defines the DMUA's ThxOF. We have shown previously that special considerations of the geometric characteristics of DMUAs lead to significant improvements in the contrast resolution by improving the image uniformity within the IxFOV of a DMUA [31] .
In addition to the geometrical characteristics mentioned above, therapeutic arrays typically operate at relatively low frequencies compared with diagnostic imaging array, e.g., 1 to 1.5 MHz is commonly used in abdominal applications [3] , [22] . Even with fractional bandwidths in the 30 to 40% range, the resulting axial resolution is poor, in the range of 2 to 3 mm. On the other hand, due to the relatively low f -number, the lateral resolution is typically 1 to 1.5 mm (≈ 1λ). This is the opposite situation to diagnostic arrays with planar or convex geometry and relatively high f -number values where the axial resolution is finer than the lateral resolution. In the case of DMUAs, the resulting point spread function (PSF) is elongated in the axial direction. We have recently proposed the use of coded excitation with pseudoinverse filtering [32] to balance the axial and lateral resolution of our prototype DMUA while preserving the contrast resolution of the imaging system [33] .
Our previous work has focused on the use of pre-and post-beamforming algorithms to improve the imaging performance of a DMUA given its geometry and operating bandwidth [18] , [24] , and [31] . Until recently, these factors were dictated by therapeutic optimization and manufacturing limitations. Advances in piezocomposite transducer technology allow for a choice of materials to meet a variety of power/bandwidth constraints. In addition, fine array lattice definition is now possible with improved manufacturing techniques. These advances open the door for a paradigm shift in the design of DMUAs for optimization of their performance in both imaging and therapy modes. Due to the complexity and high cost of the DMUA geometries in practical applications, the design optimization must be carried out using appropriate simulation tools. We have previously used continuous wave (CW) simulations for the optimization of DMUA for therapeutic performance [34] . However, pulsed wave (PW) simulations are necessary for evaluation of imaging performance in speckle-generating phantoms. Field II simulation program [35] is widely used in the ultrasound imaging community with several diagnostic array geometries supported. We have used a modified version of the program to allow for the simulation of concave large-aperture DMUAs. In this paper, we present experimental and PW simulation results from a 1 MHz, 64-element prototype DMUA that illustrate its imaging capabilities. These results also serve to validate the new PW simulation model of the DMUA, which is used to investigate the imaging performance of a modified design. In particular, we use the PW simulation model to investigate the effect of fractional bandwidth and aperture sampling on the imaging performance of the DMUA. A modified DMUA design with different aperture sampling in imaging and therapy modes is presented. This design is based on fine sampling of a concave aperture with the same dimensions as our current 1 MHz prototype. A uniform sampling grid employing 128 × 8 elements is used to cover the available concave aperture. Using interconnection circuits for element grouping in imaging and therapy modes, the DMUA can be configured as a 64 × 1 array in therapy mode and a 128 × 1 array in imaging mode on the same aperture. The imaging array has finer sampling to reduce grating lobes and higher f -number in the elevation direction to extend the IxFOV. Simulation results from the modified DMUA design are also provided to illustrate the improvements in imaging performance.
II. Materials and Methods

A. Dual-Mode Ultrasound Array Prototype
Array Description:
We have designed a 64-element, 1-MHz, linear concave array (on a spherical shell with 100 mm radius) for HIFU applications. The array has a fairly low f -number of 0.8 to maximize the array focusing gain in the intended ThxOF as described in [18] . To minimize the channel count and maintain high driving efficiency, we have sampled the aperture using 1.5 × 50 mm 2 elements with center-to-center spacing of 2 mm as shown in Fig. 1 . Clearly, this 1.333λ spacing in the lateral direction results in grating lobes. However, computer simulations were used to establish that these grating lobes were kept at least −25 dB below the focus for every focal point within the ThxOF. For this particular prototype, the ThxOF was specified as a circular disk 3 cm in diameter and centered at the geometric center. Simulation results of the focusing intensity gain profile for this prototype have shown that the ThxOF extends from 80 to 120 mm axially and ±20 mm laterally [18] . The focusing intensity gain within this region was in the range of 700 to 1150 with the maximum intensity gain achieved at the geometric focus. With ≈5 W/cm 2 available at its surface, the prototype is capable of producing focal intensities from 3500 to 5750 W/cm 2 within its ThxOF. The array was fabricated using HI-1 piezocomposite technology (Imasonic, Besançon, France) [17] and was shown to produce up to 250 W with efficiency ≈ 60%. In therapeutic mode, the DMUA was shown to have a 37% bandwidth around the center frequency of 1.1 MHz [18] . In pulse-echo mode without matching, the DMUA has 2 predominant resonance frequencies, at 1.1 and 2.1 MHz. These characteristics are consistent with an earlier prototype that was described in [28] .
Data Collection:
Array elements were connected to a transmitter and a receiver through a 4 × 64 matrix switch (Tektronix VX4380, Tektronix, Inc., Beaverton, OR). For conventional pulse-echo experiments, a pulser/receiver (GE Panametrics 5800, Waltham, MA) was connected to the transmit and receive terminals on the matrix switch with the receiver connected to a 20 Msample/s 23-bit digitizer (HP E1437A, Agilent, Palo Alto, CA). Coded excitation experiments were performed by connecting an arbitrary waveform generator (Agilent AG33250A) and a power amplifier (A150, ENI, Rome) to the transmit terminal on the matrix switch.
B. Simulation Models and DMUA Design
Both CW and PW simulation models were developed for the DMUA. The CW simulation model was used for beam synthesis and field computation as described in [26] . The CW simulation model was used in determining the DMUA design parameters based on the following considerations:
• The aperture size, degree of geometric focusing, and operating therapeutic frequency are determined by target depth, available acoustical window, and the required focusing gain to achieve a desired therapeutic endpoint at the target [18] .
• The aperture sampling (element size and spacing) is determined by the size of the ThxOF and the maximum acceptable grating lobe levels to avoid therapeutic heating outside the target volume. The element size (directivity) must be chosen such that the drop in intensity gain at the focus is within a specified level (e.g., 1 to 2 dB) throughout the ThxOF. Element size may also be determined by the type of amplifier used in driving the element and electrical-to-acoustic power conversion efficiency.
The availability of ≈40% fractional bandwidth for our DMUA prototype encouraged us to develop a PW simulation model for analyzing its imaging performance. The PW model was based on the Field II simulation package [35] , [36] , which is widely used in the ultrasound imaging community, and it provided us with valuable tools for simulating speckle-generating targets. Due to the concave nature of our DMUA, we had to modify the program to support the concave array structure shown in Fig. 1 . Note that the slicing for each element in the elevation direction is only for simulation purposes. This is due to the fact that Field II simulates curved elements by discretizing their surfaces using linear, mathematical elements. We have experimentally sampled the actual impulse response and the excitation for use in the Field II simulations.
C. Pulse-echo Imaging
Synthetic Aperture Imaging:
We use synthetic aperture imaging technique [37] to obtain images with 2-way (transmit-and-receive) dynamic focusing. This provides the highest quality image possible with the current prototype using conventional delay-and-sum beamforming. In this mode, the RF data from an image pixel at P (x p , z p ) in a medium with uniform speed of sound, c, is computed by
where A i and B i are, respectively, the transmit and receive apodization weights, R ip and R jp are, respectively, the distances from the transmitting and receiving elements to the image pixel P , and s i,j (t) is the echo received by element j when transmitting with element i. Other imaging scenarios can be easily performed by specializing the image formation (1). The waveforms, s i,j (t), are either collected experimentally using the system described in Section II-A,2 or generated using the modified Field II with the DMUA geometry described in Section II-A. In both cases, a sampling frequency of 10 MHz was used. We note here that the use of the matrix switch did not allow for collecting echo data at element i when that same element was used as a transmitter. This was accounted for in the beamforming program with both experimental and simulation data. It had minimal effect on the quality of the reconstructed images.
Element Directivity:
DMUA elements are 1-λ wide, which may be too directive, especially for near-field pixels. The element directivity weighting function is given as follows [12] :
where, k = 2π/λ, d is the element width and θ is the angle between the vector from the element to the focusing pixel P and the vector from the element to the geometric focus. The 6 dB width of this function is ±25
• . At 100 mm range, the width of the directivity pattern is ±46.6 mm. After considering transmit and receive element directivities D(θ i ) and D(θ j ), respectively, the beamforming (1) becomes
Gain Compensation:
The concave nature of the DMUA is dictated by therapeutic design considerations. The aperture size and radius of curvature together with the element size and spacing define the DMUA's ThxOF. The ThxOF defines a region around the geometric focus where the focusing gain of the array provides therapeutic levels suitable for HIFU application. Outside the ThxOF, the focusing gain is significantly lower [24] . Incidentally, the intensity focusing gain is the same as the 2-way array gain in synthetic aperture imaging mode described above. This means that the IxFOV is associated with the ThxOF.
The IxFOV can be extended by performing gain compensation after beamforming. The field strength at a given pixel should be compensated as follows:
where G(x p , z p ) is the square root of the intensity gain.
D. Coded Excitation and Receive Filter Design
With the pulse-echo imaging techniques introduced above, the spatial resolution is 2.6 mm in the axial direction and 1.1 mm in the lateral direction. These values are consistent with the bandwidth, center frequency, and geometry of the DMUA prototype. We propose to use a coded excitation approach to improve the axial resolution so that the speckle size is more uniform in axial and lateral directions.
Coded excitation is typically used for improving the SNR and, consequently, penetration depth in ultrasound imaging. Typically, a matched filter is used to compress the received echo. The matched filter achieves the highest SNR at the peak of the compressed pulse. The SNR improvement is proportional to the time-bandwidth product of the coded signal [38] . However, the matched filter does not enhance axial resolution in compression. Shen and Ebbini [32] have proposed the pseudoinverse filter for coded excitation to improve the axial (and lateral) resolution while maintaining reasonable SNR levels. In this paper, we apply the pseudoinverse filter design for controlled improvement of axial resolution for the 1-MHz DMUA prototype described above.
Pseudoinverse Filter Design:
We transmit a linear chirp signal c(t) covering the frequency band of 0.5 to 1.5 MHz as illustrated in Fig. 2(a) . The frequency response of the matched filter M (f ) is C * (f ), the complex conjugate of the Fourier transform of c(t). The frequency response of the pseudoinverse filter, P (f ), is defined as
where
is the spectral density of the signal, S n (f ) is the spectral density of the noise, and β is a regularization parameter for the noise term. For illustration purposes, an additive white Gaussian noise (AWGN) model is assumed. As shown in Fig. (2b) to (2d), the frequency response of the pseudoinverse filter changes with the value of β. Specifically, when we set the regularization parameter β = 0, the filter behaves as an inverse filter, 1/C(f ), with widest bandwidth and highest noise floor. It is obvious that the pulse width in the time domain is inversely proportional to the bandwidth. Therefore, theoretically, the inverse filter obtains the highest axial resolution but with the lowest SNR. On the other extreme, when the regularization parameter β is large enough so that βS n (f ) dominates the denominator, the filter behaves as a matched filter as shown in Fig. 2(d) . This solution maximizes the SNR, but may reduce the axial resolution (due to the reduced overall bandwidth of the system-matched filter cascade). The use of the pseudoinverse filter allows us to shape the spectrum of the compressed received signal by regularized inversion of the system frequency response at frequencies where the SNR is sufficiently high. The appropriate value of β can be determined from the SNR of the system as a function of the frequency. The objective is to achieve the highest axial resolution level (as close as possible to the lateral resolution) at an acceptable level of SNR.
E. Imaging Targets
A variety of imaging targets are used to illustrate the imaging performance of the DMUA: Wire Target Array was used to illustrate the spatial resolution of the DMUA as well as illustrating the extent of the IxFOV. It was also used to demonstrate the beamforming accuracy throughout the imaging field. We used 230 µm thermocouple wires tightened on a Plexiglas frame that could be attached on the DMUA holder so that the wires are placed from −50 mm to 50 mm along lateral direction and 40 mm to 150 mm along axial direction (as shown in Fig. 3 ). The center of the wire target array was positioned at the geometric focus of the DMUA. The spacing between each pair of wires is 10 mm. CIRS Model 55 3D Contrast Phantom (CIRS Inc., Norfolk, VA) [39] was used to illustrate the enhanced contrast resulting from accounting for element directivity and gain compensation in a challenging 3-D eggshaped contrast target used for evaluating diagnostic scanners. It was also used to assess the loss in contrast resulting from the use of pseudoinverse postbeamforming filtering with coded excitation. Cyst Simulation Phantoms were used to assess improvements in contrast resulting from the simulated increase in the bandwidth and/or in the spatial sampling of the DMUA. All the cysts used in this paper are 12 mm in diameter with no scatterers within the cyst. The surrounding tissue is simulated assuming a scatterer density of > 12 scatterers per resolution cell, i.e., Rayleigh scattering. The size of the speckle-generating region surrounding the cyst(s) was sufficiently large enough to produce the clutter components from all significant sidelobes of the imaging beams. For example, for a 12-mm cyst centered at the geometric center of the DMUA, the extent of the speckle-generating phantom was 50 mm and 140 mm in the axial and lateral directions, respectively. Due to the high computational cost, the cysts simulated in this paper are 2-D. This was deemed to be sufficient for the preliminary results presented in this paper for a 1-D DMUA. Future 1.5-D and 2-D DMUAs will be tested using more realistic 3-D cyst targets.
F. Assessment of Imaging Performance
Spatial Resolution:
For wire target images, the 6-dB width and length of the envelope were used to measure the lateral and axial resolution, respectively. For quality assurance and scatterer phantoms, we used the speckle correlation cell size as described in [40] . Uniform speckle regions from the test object area were identified to compute the average speckle correlation cell size in the axial and lateral directions as follows:
where S cx and S cz are, respectively, the lateral and axial cell size values and C I (x, z) is the 2-D intensity autocovariance function. The integration limits X and Z are chosen to be large enough to allow the magnitude of the autocovariance to drop to negligible levels. The integrals are evaluated numerically in Cartesian coordinates using the trapezoidal rule to obtain the speckle cell size in the axial and lateral directions.
Contrast:
The contrast ratio (CR) is defined as follows: CR = 10 log 10
where I 2 and I 1 are the average intensities in the region of interest (e.g., cyst) and a reference region, respectively.
III. Results
A. Wire Target Array Imaging
SA image data from the wire target array shown in Fig. 3 was collected experimentally using the setup described in Section II-A. The same array geometry was simulated using Field II to obtain the equivalent SA waveforms. Fig. 4(a) shows the 50-dB grayscale image of simulation data, and Fig. 4(b) also shows the image of experimental data formed by (1) . Both images show the wire targets correctly registered with maximum intensity at the DMUA geometric center and reduced intensity from targets away from the center in all directions. The extent of the axial PSFs is similar in both images throughout the imaging field. The lateral PSF in the experimentally acquired image data shows higher sidelobes due to heterogeneous element gains that were not corrected for. In addition, one can see the cumulative grating lobe patterns due to the multiple wire targets. These grating lobe patterns, together with the reduction in target intensity away from the geometric center, demonstrate the reduced imaging dynamic range outside the IxFOV. The results of this experiment demonstrate that the DMUA has an IxFOV that extends by ≈ ±20 mm from the geometric center in the lateral direction. In the axial direction, the IxFOV appears to extend by more than ±30 mm from the geometric center. They also provide a partial validation of the simulation model, which will be used in the analysis and design of new DMUA geometries.
B. Special Considerations
The results shown in Fig. 4 (a) and 4(b) are based on (1) without accounting for element directivity or array gain. We have shown experimentally [31] that accounting for these effects improves the contrast resolution by extending the imaging dynamic range by reducing the grating lobes (element directivity) and improving the uniformity of the target intensity within the IxFOV (array gain compensation). These special considerations are illustrated based on simulated SA waveforms to avoid repetition.
Element Directivity:
Using (3) in beamforming the simulated SA waveforms for the wire target array produces the 50-dB image shown in Fig. 5 . One can see clearly the reduction in cumulative grating lobes compared with the SA imaging without accounting for element directivity. More importantly, accounting for element directivity in beamforming improves the signal to noise ratio of the beamformed data by suppressing signal components from directions where the element directivity is very low. This effectively reduces the noise contribution to element data before beamforming. This process can be understood as a pre-beamforming spatial matched filtering operation.
Gain Compensation:
The need for gain compensation can be appreciated by examining the images resulting from the wire target array shown above. The intensity levels of the wire targets drop gradually away from the geometric center, both axially and laterally. This is due to the DMUA's high focusing gain near the geometric center, which could be predicted by CW simulations. In this paper, however, we simulated a uniform phantom (−33.4 mm to 33.4 mm in lateral direction and 70.2 mm to 178.8 mm in the axial direction) to illustrate the effect of gain compensation. As shown in Fig. 6(a) , the image appears brighter around the geometric center and darker in the prefocal/postfocal regions and on the sides. Applying gain compensation by using (4), the image shown in Fig. 6 (b) appears much more uniform. This result can be quantified by computing the contrast ratio between intensity levels from selected regions just outside IxFOV and the geometric center. With reference to (7), I 2 is the average intensity in a region inside of a square region centered at the geometric center and I 1 the average intensity in the same size region centered as specified in Table I (center position coordinates in millimeters). One can see that image uniformity is improved within and outside the IxFOV. This is important for properly imaging extended contrast targets as shown in Fig. 6 . We have also collected SA pulse-echo data with the CIRS Model 55 3D quality assurance phantom used as an imaging object. The phantom was positioned so that the top portion of the large egg-shaped contrast object was in the DMUA's IxFOV. The data collection was performed with both the DMUA and the phantom submerged in water with 60 mm spacing between the front surface of the phantom and the apex of the array. SA beamforming was performed on the collected data and the resulting grayscale images (50 dB) are shown in Fig. 6 without and with gain compensation. To quantify the effect of gain compensation, we computed the CR value for an elliptic region (with major and minor axes of 80 mm and 30 mm in the axial and lateral directions). The ellipse was centered at (32, 0, 152) mm outside of the egg-shaped contrast object with reference to a region with the same size and shape inside of the object. A negative contrast of −1.4 dB was measured without gain compensation. The corresponding value after gain compensation was 7.6 dB.
C. Coded Excitation and Receive Filter Design
SA pulse-echo data was collected using a linear chirp transmit pulse covering frequency band of 0.5 to 1.5 MHz with the CIRS Model 55 quality assurance phantom used as an imaging target. The phantom was in the same position described above for the conventional pulse-echo data collection. We used a matched filter and a pseudoinverse filter with a β of 0.1 to compress the received echo after beamforming. A colored noise model was used in (5) to account for reverberation noise below 1 MHz. A value of β = 0.1 was chosen to maximize the bandwidth without amplifying the broadband high-frequency noise components. The frequency response of the pseudoinverse filter is very well behaved as can be seen in Fig. 7 . Matched and pseudoinverse filters were (separately) applied to beamformed RF data before envelope detection and log compression. Resulting grayscale images (50 dB) are shown in Fig. 8 . One can see that the speckle from the pseudoinverse filter appears shorter along axial direction compared with that from matched filter. We used speckle correlation cell size [40] to quantify the resolution as shown in Table II . One can see that using a pseudoinverse filter improved the axial resolution by 30% compared with the result from the matched filter. Significantly, because the achieved axial resolution is closer to the lateral resolution, the image obtained using the pseudoinverse filter appears more uniform. The contrast ratio for the contrast target was 7.6 dB for pulse-echo, 7.8 dB for matched filter, and 6.6 dB for pseudoinverse filter. This shows that significant improvement in axial resolution was achieved at the cost of 1.2 dB loss in contrast for this object.
D. DMUA Design Parameters and Imaging Performance: A Simulation Study
Given the recent advances in transducer technologies [17] , [41] , some of the design parameters of our DMUA could be modified to improve the imaging performance without compromising the therapeutic performance. The simulation model allows us to investigate the effect of various DMUA design parameters on both spatial and contrast resolution. The results of this investigation are given in the following subsections.
Transducer Bandwidth:
Increasing the operating fractional bandwidth (FBW) of the DMUA can be expected to bring about improvement in its imaging performance (as with any array system). In this section, we investigate the effect of bandwidth on the PSF and contrast ratio in imaging a variety of cyst phantoms. The modified Field II PW simulation model was used. A Gaussian impulse response model was assumed for the array elements with a center frequency of 1 MHz. The bandwidth was varied from 40% to 90% in 10% increments.
In simulation, we used an impulse excitation and a Kaiser window (with a window parameter value of 5) for the aperture apodization. Figs. 9(a), (b) and (c) show 50-dB images of the PSF in a 50 × 140 mm 2 region centered at the geometric center for bandwidth values of 40%, 60%, and 80%, respectively. Fig. 9(d) shows a lateral profile of the PSF for the 40% case, which shows a pattern of nearend and far-end grating lobes due to the concave geometry of the DMUA [26] . The near-end grating lobes would have formed farther out for a planar array with the same fnumber and element-to-element spacing. Both axial and lateral dimensions of the PSF are reduced with increased bandwidth indicating improved resolution. In addition, sidelobe levels are also reduced with increased bandwidth indicating improved dynamic range. These results are further quantified in Fig. 10 . As expected, improvement in axial resolution is directly proportional to 1/FBW while the improvement in lateral resolution is much less dramatic. This can be explained by the shortening of the imaging pulse duration at increased bandwidth values, which directly affects the axial response at the geometric center. On the other hand, the spatial impulse response of this large-aperture array spreads quickly outside the geometric center. Therefore, the improved bandwidth indirectly improves the array impulse response outside the geometric center. The improved bandwidth reduces constructive interference at the sidelobes (grating lobes) and results in the reduction in their levels as shown in Fig. 10 .
To further illustrate the effect of increased bandwidth on image quality, we formed images from simulated SA data from a phantom (40 mm in axial direction and 140 mm in lateral direction) with statistically randomdistributed scatterers and a 12-mm-diameter cyst. The noise level inside the cyst visually illustrates the effect of the clutter, and the size of the cyst gives a measure related to the resolution. In these simulations, we used uniform apodization in (1) without gain compensation. Fig. 11 shows 50-dB images of a 40 × 140 mm 2 region centered at the geometric focus. One can clearly see the improvement in geometric representation of the cyst with increased reso- Fig. 11(a)-(c) .
lution as well as the reduction in clutter inside the cyst. In addition, the improvement in speckle cell size can also be visually appreciated. Fig. 12 gives a more quantitative view of the improvement in image quality by plotting the logcompressed envelop data along an axial line going through the center of the cyst for different bandwidth levels. The figure shows clearly the improvement in cyst boundary definition and reduction of clutter with increased bandwidth. The cyst diameter was measured at −33 dB to be 8.0, 9.3, and 9.8 mm for 40%, 60%, and 80% bandwidth values, respectively. The contrast ratio was also evaluated to 21.2, 23.0, and 23.7 dB for 40%, 60%, and 80% bandwidth values, respectively. We have also performed cyst phantom images for a variety of cyst locations. Example (50 dB) images are shown in Fig. 13 and Fig. 14 . The measured cyst diameters and CR values for the various cyst locations are summarized in Table III and Table IV , respectively.
Transducer Geometry: a. Lateral sampling:
The quality of the beam patterns of the DMUA can be improved by increasing the lateral sampling of the aperture. For the same aperture size, dou- bling the number of array elements results in element-toelement spacing of 0.66 − λ (instead of 1.33 − λ in the current prototype). This is expected to reduce the grating lobes of the array significantly. To quantify this improvement, we simulated the PSF of a 128-element array having the same geometry as the current DMUA, but with double the lateral sampling of the aperture and assuming a 40% bandwidth. The PSF of the 128-element array is shown in Fig. 15 (50 dB). Comparing this result with Fig. 9 (a) shows a significant reduction in the near-end grating lobes and a dramatic reduction in the far-end grating lobes. This results in an overall improvement in the imaging dynamic range. Comparing the near-end grating lobes in Fig. 9(d) and Fig. 15(b) , one can see a reduction in peak value from −28.6 to −35.4 dB as listed in Table V . The far-end grating lobes are reduced by more than 20 dB.
b. Elevation f -number:
The focusing intensity gain of our DMUA is proportional to the product of its lateral and elevation f -number values. The value of f -number = 2 in the elevation direction was chosen for practical purposes related to minimizing the impedance of the transducer elements as seen by the electrical driving circuit. The elevation focus has an obvious effect on the image quality obtained by the DMUA prototype. Specifically, the slice thickness is nearly 2 mm near the geometric center, but it is significantly larger in the prefocal and postfocal regions. A less obvious effect is the elongation of the geometric impulse response, which could affect the array PSF in a manner that may be difficult to predict without the benefit of a good simulation model. The simulation model is an excellent tool to examine this effect on the array PSF and, consequently, on the image quality. We have simulated the DMUA with the same geometry described in Section III-D,1 with 40% bandwidth, but varied the height of the elements in the elevation direction. We simulated a 64-element array with element height h = 50 mm (corresponding to the current prototype). In addition, we simulated an array with the same geometry but with h = 25, 10, and 5 mm. The results of this simulation are summarized in Table VI , which shows that increasing the elevation f -number from 2 to 4 improves the lateral resolution (with Kaiser window apodization) and reduces the near-end grating lobes. This modest improvement partially validates our earlier design decision to fix the elevation f -number = 2, which was made without the benefit of PW simulation model. However, it also emphasizes the fact that careful modeling will be necessary to optimize the design of more complicated DMUAs. It should be noted that the slice thickness near the geometric center with h = 25 mm will be double that of the current DMUA (about 4 mm), but it will be more uniform throughout the IxFOV with relatively lower lateral sidelobe level as shown in Fig. 16 .
E. Modified DMUA Design for Improved Image Quality
The simulation results shown in Section III-D indicate that a more finely sampled aperture with f -number = 4 in the elevation direction (at the geometric focus) with ≈70% bandwidth offers improved imaging performance compared with the current prototype geometry. For example, a DMUA can be designed with 128 × 4-element lattice by dividing each element in the current design into 2 × 4 subelements as shown in Fig. 17 . In therapy mode, a group of 4×2 subelements can be connected to form 1 lowimpedance element. This grouping results in a 64×1 array similar to the current prototype. This subelement grouping scheme may be necessitated by the need to maintain a limited driver channel count and/or manage the impedance of the load for optimum operation. In imaging mode, 2 × 1 subelements (from the 2 center rows of elements in the elevation directions) can be connected to form one imaging element with ≈ λ/2 width in the lateral direction and ≈ 8λ in the elevation direction. This grouping results in a 128 × 1 imaging array. This solution allows for the use of more finely sampled array to reduce grating lobes. In addition, the use of larger f -number in the elevation direction extends the IxFOV of the DMUA by shortening the ge- ometric impulse responses of the array elements. Fig. 18 shows the PSF of the modified DMUA design with impulse excitation and Kaiser window apodization (with Kaiser window parameter = 5). Fig. 19 shows the image of the wire target array using the modified design (without gain compensation). The 50-dB dynamic range images of the PSF and wire-target array show clearly the reduction in grating lobes, increased target visibility away from the geometric center, and improved axial and lateral resolution compared with the existing prototype.
IV. Discussion
The experimental and simulation results presented in this paper demonstrate the imaging capabilities of an existing prototype in terms of its PSF, IxFOV, and imaging of contrast targets in speckle-generating media (including 3-D contrast targets from quality assurance phantoms). They also demonstrate the necessity to account for ele- ment and array geometries in pre-and post-beamforming signal processing to improve the contrast resolution, extend the IxFOV, and balance the axial and lateral dimensions of the PSF. The latter was achieved by using coded excitation and pseudoinverse filtering.
This paper focused on piezocomposite transducer technology due to the authors' own experience with this technology and its widespread use in current practice. However, new transducer technologies allowing dual-mode operation are becoming available, e.g., capacitive micromachined ultrasound transducers (cMUT) proposed by Khuri-Yakub and co-workers [41] . According to [41] , the fundamental design tradeoffs and balance between imaging and therapeutic requirements apply to cMUT in much the same way as they apply to piezocomposite. Therefore, the results shown herein are applicable to both technologies.
In the implementation of the pseudoinverse compression filter, we used colored noise model S n (f ) based on the low-frequency interference noise information. This was done to account for a low frequency (500 to 700 kHz) interference resulting from surface waves on the array. This interference could be reduced significantly by imaging in echo-free environment (e.g., water) at the same settings intended for the real imaging target. The echo-free signal components are then subtracted from the target data before or after beamforming. The colored noise model accounts for the residual of this interference pattern in the calculation of S n (f ).
The comparison between simulation and experimental results for the wire target array imaging shows that the PW simulation largely captures the grating lobe structure and predicts the extent of the PSF for the prototype DMUA. The discrepancy is due to interference within the array that could be reduced, but not eliminated (previous paragraph). In addition, the asymmetry in the experimental PSFs at the wire target is due to element heterogeneity (unequal strength) that was not corrected for in these experiments. However, we emphasize that such inhomogeneities can be measured experimentally and can be accounted for in the simulation as was shown in the CW case for a 64-element, 500-kHz cylindrical-section array [26] . Given the general agreement between the simulation and experimental results, we decided not to show the simulation results for the heterogeneous array.
Beyond the basic validation of the PW simulation model, the focus of this paper was on the use of the model in the assessment of the image quality of the existing prototype as well as future DMUA designs. Many of the simulation results shown in this paper have also been confirmed experimentally, but not shown herein to avoid repetition, e.g., the equivalent of Fig. 5 has been shown in [31] . Similarly, comparisons between images obtained using the DMUA and corresponding images obtained using a 3.2 MHz abdominal convex probe on a commercial scanner were shown in [31] for the 3-D egg-shaped target shown in Fig. 8 .
The proposed modified DMUA design was based on a finely sampled aperture for high-quality imaging performance. The smaller-sized elements can be grouped to form transmit or receive apertures suitable for optimization of the DMUA for both imaging and therapy. In particular, we proposed a scheme to maintain the directive elements of the DMUA in therapy mode in accordance with the original design. Matching the element directivity of the therapeutic array with the ThxOF has an added benefit related to the safe use of HIFU in the clinic. For example, the element dimensions for the current prototype were chosen to produce therapeutic foci within a 3-cm diameter disc around the geometric center. The intensity gain of this array drops very quickly outside this ThxOF and falls below therapeutic heating due to the element directivity and the array curvature. This provides a fail-safe operation in the sense that, even if the array is focused accidentally outside its intended ThxOF, no irreversible tissue damage can occur due to the loss of focusing gain. In general, the configuration of the transmit/receive arrays in imaging and therapy modes may be dictated by many considerations including transmit/receive amplifiers and switching electronics. The availability of CW and PW simulation models for DMUA allows a more complete costbenefit analysis for design optimization.
V. Conclusion
The use of dual mode ultrasound phased arrays in image-guided surgery is becoming a reality. This paper presented experimental and simulation results for characterization of the imaging capabilities of a 1 MHz prototype DMUA. Wire target array images obtained by beamforming experimental and simulation data show that the array simulations capture the array geometry and bandwidth characteristics. These images show that the PSF, the Ix-FOV, and the grating lobe structure are well predicted by the simulation model. The simulation model was then used to evaluate the effect of varying DMUA design parameters (FBW and aperture sampling) on the PSF and the contrast ratio of cyst targets positioned at various locations within the IxFOV. Finally, based on this simulation study, we have proposed a modified DMUA design that results in significant enhancement in the imaging performance in terms of spatial and contrast resolution as well as expanded IxFOV. Using simple element interconnection schemes in imaging and therapy modes, the modified DMUA can achieve this enhancement while simultaneously maintaining the therapeutic aperture sampling of the existing DMUA design that has been optimized for therapy. This implies that the improvements in imaging performance of the DMUA will not significantly compromise its predicted therapeutic performance.
